Optical microfibers and related structures which incorporate large evanescent field and minimal size offer new opportunities for biosensing applications. In this paper we report the development of an immunosensor based on a tapered microfiber coupler embedded in a low refractive index polymer. Biomolecules adsorbed on the microfiber coupler surface modify the surrounding refractive index. By immobilizing antigens on the surface of the sensing area, the microfiber coupler was able to operate as a label-free immunosensor to detect specific antibodies. We experimentally demonstrated for the first time the sensing ability of this sensor using a fibrinogen antigen-antibody pair. By monitoring the spectral shift in the wavelength domain, the sensor was shown to be capable of detecting the specific binding between fibrinogen and anti-fibrinogen. The detected signal was found to be proportional to the anti-fibrinogen present.
Introduction
A biosensor is an integrated receptor-transducer device, which is capable of providing selective quantitative or semi-quantitative analytical information using a biological recognition element [1] . The target analytes could be various bioparticles such as DNA, proteins, bacteria, etc. Among the variety of existing biosensors, biosensors which utilize antibodies as the recognition elements to detect specific antigens are categorized as immunosensors. Due to the high selectivity and sensitivity nature of antibodies for their antigen, immunosensors are in great demand for applications in clinical diagnosis, process control and environmental monitoring.
Given the well-known advantages of optical fiber based sensors, such as compact size, high resolution, immunity to electromagnetic interference and the potential for remote operation, several fiber optic immunosensors have been developed previously [2] [3] [4] . However, the majority of the proposed sensors require the use of a label which significantly increases complexity. Several label-free immunosensors have been recently demonstrated which consist of simple structures based on nonadiabatic tapered optical fibers [5, 6] . Such sensors utilize the evanescent field of the tapered fiber region to enhance the light-biomaterial interaction for biosensing applications.
Silica subwavelength diameter optical fibers have attracted the interest of researchers since Tong's first demonstration in 2003 [7] . Microfibers have unique properties such as a very large evanescent field, strong mode confinement and micro-scale diameters. As a result, subwavelength diameter optical fibers or simply "microfibers" offer opportunities for new biosensing techniques [8] . In particular, microfibers and related structures have the potential to achieve label-free detection with an even higher sensitivity and a faster response, but with a compact size significantly smaller than macro-sized fiber tapers. Following the demonstration and application of a single-mode microfiber coupler (MFC) [9, 10] , we presented a high sensitivity refractometer based on an MFC structure in [11] . The refractometer achieved an average sensitivity of 2723 nm/RIU and a maximum sensitivity of over 4000 nm/RIU in the refractive index (RI) range from 1.334 to 1.38. Given that the surrounding RI is usually modified by biomolecules adsorbed on the fiber surface [12] , the MFC has the potential to work as a biosensor. A biosensor based on a conventional fused fiber coupler was proposed by Tazawa et al. in 2007 [13] . The authors showed the ability of the coupler to be used for protein detection using an avidin-biotin interaction. In this paper, for the first time we experimentally demonstrate an immunosensor based on an MFC structure. The sensor is capable of detecting the specific binding between fibrinogen and anti-fibrinogen.
Principle of operation
An MFC has the same structure as a conventional fused fiber coupler, except for a much smaller waist diameter (approximate 1-2 µm) [9] . The MFC is fabricated by tapering and laterally fusing two single-mode fibers together at the same time. As the fibers are being tapered and fused, the light starts to interchange between the two adjacent fibers. This light interchange is due to the difference in the propagation constants between the even and odd modes [14] or symmetric and anti-symmetric modes as presented in some literatures [15] . As the diameter of the fiber coupler reduces, the fiber coupler reaches a state where it displays a strong evanescent field and where the transmission spectrum shows a semi-periodically resonant behavior for each of the output ports. The former is due to the wavelength-scale waist diameter of the tapered fibers. The latter is due to the even-odd mode interference between the fused fibers. With these light transmission properties, such an MFC has strong potential to work as a wavelength-domain sensor with good sensitivity.
We have previously shown that a change in the surrounding RI will strongly influence the MFC transmission spectrum [11] . This points to a possible approach to implement an immunosensor using such an MFC. The antibodies adhere to the MFC surface due to physical adsorption which in turn allows the binding of the corresponding antigen. When the specific binding between the antibody and the antigen occurs, the surface RI of the MFC is increased and thus detectable peak wavelength shifts over the transmission spectra occur. In this experiment, we used a fibrinogen antigen-antibody pair as the biosensing elements to evaluate the immunosensing performance of the embedded MFC. Fibrinogen has excellent immobilizing properties on silica surfaces. As a result, the need for MFC surface treatment to promote adherence is avoided with fibrinogen immobilization. For this reason, we used fibrinogen (antigen) as the receptor and anti-fibrinogen (antibody) as the analyte to demonstrate the principle and operation of the proposed immunosensor in this work.
Sensor fabrication

MFC fabrication
An MFC was fabricated by fusing and tapering two single-mode optical fibers together using the microheater brushing technique demonstrated in [16] . The fabricated MFC had a 3 mm long uniform waist region and two 13 mm long transition regions on each side. The MFC was weakly fused and the minimum tapered diameter of each fiber was approximately 2 µm. The weakly fused condition is important because when the coupler is weakly fused, the coupling coefficient has a stronger dependence on the surrounding RI change [17] .
MFC embedding
A free standing MFC suffers from poor mechanical stability and therefore could be affected by environmental influences. The experimental processes can also disturb the MFC and result in large measurement errors. In order to achieve accurate sensing results, a stable sensing system is essential. We embedded the MFC in a low refractive index UV curable polymer (Efiron UVF PC363, Luvantix) to improve the system stability during measurements. The embedding technique was similar to that demonstrated in [18, 19] with modifications for sensing applications. A microscope slide was first covered with a thin layer of the UV curable polymer. Two blocks of polydimethylsiloxane (PDMS) were placed in parallel on the polymer surface to create an open-top channel. The fabricated microfiber coupler was placed into the channel in such a way that the bottom of the coupler was stuck to the polymer surface while the rest of the coupler was still exposed to the local environment. Then we placed several drops of the viscous UV curable Efiron polymer to block the two ends of the channel and also to fix the coupler in place. The 20 mm long section in the center was left uncovered as a sensing window for the biosensing experiments. Then the entire device was cured using UV radiation (CS2010 UV Curing LED System, Thorlabs) for 30 second. The refractive index of the cured polymer is approximately 1.36. During the biosensing experiment, the liquid analyte is placed in and removed from the channel using a pipette. The experimental setup is shown schematically in Fig. 1 . Light from a broadband source (BBS) (Fiber Coupled SLD, Thorlabs) was injected into the input port. The output signal was detected with an optical spectrum analyzer (OSA) (86142B, Agilent). 
Fibrinogen immobilization
Human fibrinogen (95% clottable and plasminogen depleted) was purchased from Calbiochem, Merck KGaA. Before immobilizing the fibrinogen, a baseline spectrum of the MFC was measured. For this the MFC sensing area was fully covered with 0.2 ml phosphatebuffered saline (PBS) and the transmission spectrum was recorded as the baseline. Then the PBS was removed and replaced with fibrinogen solution in PBS buffer (0.2 ml, 100 µg/ml). The solution was left to settle for 20 minutes so the fibrinogen molecules could fully adsorb to the exposed MFC fiber surface. In order to measure the change caused by the immobilized fibrinogen only, the sensing area was then rinsed with the PBS buffer several times. The rinse step returned the liquid environment to the baseline level and also removed any loosely bound fibrinogen. Figure 2 (a) shows a typical example of the transmission spectrum evolution during the fibrinogen immobilization. The evolution in time of the fibrinogen immobilization profile is shown in Fig. 2 (b) . A rapid shift occurs in the first 5 minutes, followed by a much slower shift. The shift reaches a plateau within 20 minutes which indicates that the MFC surface has been fully occupied by the fibrinogen molecules. A total blueshift of 13.6 nm was observed for the entire immobilization process. For the 15 samples we studied, the fibrinogen immobilization caused an average blueshift of 12.22 nm with a standard deviation of 1.51 nm, as shown in the lower section of Fig. 3 . We believe the discrepancy in the fibrinogen immobilization among the samples mainly results from the limited precision in the MFC fabrication. For example the tapered diameter and the coupling length for each MFC sample may vary. This is suggested by the variation in the free spectral range (FSR) among the samples, as shown in the upper section of Fig. 3 . 
Biosensing experiment, results and discussion
We use fibrinogen as the recognition element to detect anti-fibrinogen, as mentioned previously. Once the fibrinogen was immobilized on the MFC surface, we applied rabbit antifibrinogen solution (Calbiochem, Merck, KGaA) in PBS buffer (0.2 ml, 100 µg/ml) to the sensor. The anti-fibrinogen solution was left to settle for 60 min and the measurement was taken after the rinse step. In order to verify the selectivity of the sensor for anti-fibrinogen among unspecific antibodies, a negative control was performed using Immunoglobulin G antibody (goat anti-human IgG, Sigma Aldrich). The control was performed with the same procedure above using an anti-IgG solution in PBS buffer (0.2 ml, 100 µg/ml). Figure 4 illustrates the typical behavior of the sensor in distinguishing between the antifibrinogen and the anti-IgG. The binding between the anti-fibrinogen and the fibrinogen occurs gradually over a period of 60 minutes. The total blueshift caused by the bound layer of anti-fibrinogen molecules is 10.35 nm. The anti-IgG control causes a 0.45 nm redshift over the same length of time given that the fibrinogen does not specifically interact with the anti-IgG. The significant difference between the two shifts indicates that the sensor is capable of distinguishing between the specific anti-fibrinogen and the non-specific anti-IgG. The relatively small redshift caused by the anti-IgG is most likely a result of measurement error. The error can be caused by (1) temperature drift (the temperature dependence of an embedded MFC with similar parameters was given in [20] ); (2) small mechanical displacement of the MFC during the application and removal of solutions; (3) desorption of a small amount of the loosely bound fibrinogen molecules from the MFC surface. We repeated the experiment using anti-fibrinogen solutions with various concentrations ranging from 25µg/ml to 100 µg/ml. The concentration of the fibrinogen solution remained constant at 100 µg/ml. The sensing results are shown in Fig. 5 . One can see that the detected signal increases with the increasing concentration of the anti-fibrinogen solution. This indicates that the detected signal for the sensor is proportional to the amount of the antifibrinogen present. The results, as shown in the control data point in Fig. 5 , are consistent and demonstrate the selectivity of the sensor between the positive and the negative analytes.
In order to gauge repeatability, the experiment was repeated three times for each concentration and furthermore each repetition was performed on a newly fabricated sensor. We also repeated the control experiment several times. The errors bars in Fig. 5 . represent the standard deviation of the repeated measurement results at each concentration and confirm the good repeatability of the sensor. The most likely reason for the variations in the spectral shifts for the anti-fibrinogen sensing experiment are small physical differences among the MFC samples, as previously mentioned in relation to Fig. 3 . Temperature fluctuations may also be a contributing factor. The mechanisms behind the protein adsorption and binding regimes are beyond the scope of this paper. 
Conclusions
A label-free immunosensor based on an embedded MFC has been experimentally demonstrated using a fibrinogen antigen-antibody pair. The sensor has been fabricated by immobilizing fibrinogen on the sensing surface of the embedded MFC. The performance of the sensor in identifying anti-fibrinogen in the wavelength domain has been evaluated. Results showed that the MFC based immunosensor is capable of detecting anti-fibrinogen and that the detected signal is proportional to the amount of the anti-fibrinogen present. Given the advantages such as label-free detection, fast response and easy fabrication, this MFC based biosensor offers a reliable, compact and simple solution in current immunoassay.
